Biological materials that make up the body organs and tissues are soft, wet and visco-elastic. Hydrogels can mimic these aspects and show promise for bio-medical applications. Their tribological properties are very important for promising applications such as artificial cartilage and bio-models for endovascular surgery training. The present study investigates the friction of polyvinyl alcohol (PVA) hydrogel against nine different metallic and non-metallic bio-compatible engineering materials likely to occur as countermaterials in these two applications. All the materials exhibited a characteristic velocity-dependent peak friction coefficient. Comparing the peaks, we find that lowest peak friction coefficient is produced by ceramics and glass (µ < 0.05), followed by metal alloys (µ < 0.05-0.08) and highest for polymers (0.4 < µ < 1.5), including PTFE which typically has very low-adhesion. Our results suggest that to achieve low friction, polymers should be avoided as a counter-material to PVA-hydrogels. It is also shown that PVA surface roughness is critical for achieving early transition to elasto-hydrodynamic lubrication and low friction, as shown in our comparative calculations with two different values of surface roughness of the gel. In the mixed lubrication region, the general trend is for friction to increase with roughness of the counterbody, but internal damping properties and adhesion also play important role, as shown by a simple linear model fit.
Introduction
Biological materials that make up the body organs and tissues are in many ways quite unlike the traditional engineering materials such as metals, ceramics and composites. These biological materials usually possess non-linear J-shaped stress-strain curve and some degree of visco-elasticity. They are also soft and wet. Softness, wetness and similarity to biological materials are some of the reasons for the recent increase in the interest in hydrogels. Moreover, their visco-elastic properties can be finely tuned [1] . Hydrogels have been considered for drug delivery, wound healing, and tissue engineering applications [2] . Two particular promissing applications which require better understanding of the tribological properties of the hydrogels and motivate our study are: 1) hydrogel as artificial cartilage material for replacement joins (knee, hip) [3] [4] [5] [6] ; 2) hydrogel as a transparent material for bio-models used in endovascular surgery training [7] , for surgical treatments, for example of cerebral aneurysms and stent insertion.
Joint replacement treatments currently employ metal-on-polymer, metal-on-metal and more recently ceramics-on-ceramics, or ceramics-on-polymer artificial joint replacements. It is in the patient's interest to be implanted with an artificial joint, which more closely mimic nature. In this context, hydrogels show promise as an artificial cartilage, which is compliant and releases lubricating liquid when squeezed. Previous studies have highlighted the low friction of PVA hydrogels against stainless steel [3] [4] [5] [6] . Stainless steel, in particular type 316L is the most likely counter-material for artificial cartilage, because it is still the most widely used alloy in all types of implants, stents and artificial valves, bone fixation and artificial joints etc. [8] . In many cases, however, CoCr alloys, which have better wear corrosion and thermal resistance are used for implants including the femoral component of knee prostheses [9] . Furthermore, because of a combination of strength and toughness, together with bio-inert properties and low wear rates, ceramics are now displacing metals alloys in applications such as femoral heads for total hip replacements [10] . Recent findings [11] of the high failure rates of metal-on-metal hip joint replacements in comparison to ceramic-on-ceramic ones is likely to accelerate the trend. This makes it necessary to evaluate the possible material combinations under similar conditions. Materials likely to be encountered in artificial cartilage application are summarized in Table. 1.
Hydrogels, Polyvinyl alcohol (PVA) hydrogels in particular, have also been investigated as a promising material for in vitro blood vessel biomodels useful in endovascular surgery training. Endovascular surgery is a type of minimally invasive surgery often applied for coronary, carotid, cerebral angioplasty or aneurysm treatments. The technique involves the insertion of a catheter into a large blood vessel and guiding it to the treatment zone. Treatment can include expansion of the blood vessel with the aid of a balloon as in the angioplasty, or insertion of stents and coils.
The bio-models made of PVA hydrogels can be used to make replicas of blood vessel pathologies, which are then used in the training of surgical procedures. Some of the requirements of the material for such biomodels are that they should be transparent to allow direct visual feedback for the trainee, and should be compatible with a range of medical imaging techniques: X-ray, ultrasound and MRI to name a few. PVA hydrogels are promising because they satisfy all these requirements. Currently, however, such biomodels are still made of silicone, which has some drawbacks [7] . For example, when exposed to pulsating flow, silicone biomodel behavior is different from the behavior of vessels and they exhibit high friction resistance with endovascular devices. To address the first shortcoming of silicones, Kosukegawa [1] has shown how to achieve desired dynamic viscoelastic properties of the PVA hydrogels by tuning their degree of polymerization and degree of hydrolyzation (saponification). Regarding the second shortcoming, Ohta performed preliminary experiments with hard nickel sliding against various silicone rubbers and against wet and dry PVA hydrogel, and found that the friction coefficient of the hydrogel (µ < 0.01 ) was at least four times lower than the lowest friction coefficient exhibited by silicone [7] . Because stents, coils, catheters and guidewires are made of various materials, the available data is insufficient to compare them.
Materials likely to be encountered in vascular biomodel applications of PVA-hydrogels are summarized in Table 1 , same as the materials for artificial cartilage applications. The table is not an exhaustive summary of all materials used for a particular bio-medical device, but rather gives examples drawn from references [8, 10, [12] [13] of each of the three large groups of materials that PVA hydrogel is expected to slide against: metals and metal alloys, ceramics and polymers.
The objective of the current investigation is to evaluate the friction properties of PVA hydrogels against a range of bio-engineering materials likely to be used in artificial joints or endovascular devices.
Besides being interesting materials for bioengineering, hydrogels are promising in a larger tribological context, because they contain their lubricant inside and supply it directly to the contact by squeezing, in this way making external lubrication supply system unnecessary. At present, however, it is still not clear how material and surface properties contribute to the low friction observed with hydrogels. In this larger context our second objective is to clarify the conditions, such as material combinations and surface properties, which lead to low friction.
Materials and Methods

Hydrogel samples
The starting material for the production of the hydrogel in this study is PVA, which is a water-soluble synthetic resin. It comes into the shape of crystals or powder. The PVA powder is produced in a two-step Table 1 Common bio-medical materials for artificial cartilage and endovascular surgery biomodel process -the first step is the polymerization of vinyl acetate to polyvinyl acetate, the second is the hydrolysis of the polyvinyl acetate in which the acetate groups are replaced by hydroxyl groups to finally form the polyvinyl alcohol. The degree of polymerization affects the membrane strength, aqueous solution viscosity, and other properties while the degree of hydrolysis affects the solubility and membrane water resistance.
The PVA-hydrogel samples used in this study were prepared from a 10 mass% PVA solution in water-dimethyl sulfoxide (DMSO, (CH 3 ) 2 SO) mixed solvent. The preparation procedure is similar to the one in used in [14] [15] [16] and is described below.
In this study we used commercially available PVA resin JF-17 produced by JAPAN VAM & POVAL Co., Ltd and supplied as granules. This PVA resin is fully hydrolyzed (degree of hydrolysis 98-99%) and degree of polymerization DP = 1700. It was dissolved in the mixed solvent (deionized water to DMSO ratio 1:4), then the solution was heated to 100°C and continuously stirred until the small bubbles disappear for about 2 hours. After cooling to about 40-50°C the 10% PVA solution was poured into a Petri dish having thickness of 15 mm and then gelated by freezing for 24 hours at a temperature of about -20°C.
For 10 mass% PVA hydrogel samples, manufactured by the above method Mamada [16] has measured Young modulus E = 50 kPa and Poisson ratio ν = 0.5.
Counter-ball materials and properties
Balls with diameter 10mm, made from the various bio-medical engineering materials of interest (Table 1) were used in a ball-on-disk rotating tribometer test. The roughness of the balls was measured by interferometery (Veeco Instruments Inc.) and the data is summarized in Table 2 together with detailed composition and material properties. The values of Young modulus and Poisson ratio are representative values as found on manufacturers' commercial brochures and specification sheets. The order of magnitude of the loss coefficients in the table are shown based on similar materials found in a compilation of damping properties of metals and non-metallic materials [17] .
Friction measurements: Tribotester and experimental
conditions. The ball-on-disc tribometer used to measure the friction force is shown in Fig. 1 . The Petri dish with the PVA hydrogel sample was fixed on the rotating part of the tribometer, and deionized water was put on the surface of the sample with a pipette. The sliding speed was varied in the range 0.5-300 mm/s. Although most bio-medical applications are at the lower end of this speed range, a wider speed range is useful in obtaining a wider view on the underlying fundamental tribological properties of the material.
The sample was rotated at a constant sliding speed, then stopped and rotated in opposite direction. This is repeated five times for each setting of the sliding speed. The mean of the friction coefficient at a given speed is obtained as a mean of the five consecutive measurements. In each of the five repetitions the magnitude of the friction force is obtained as an average of the friction force magnitude obtained in both directions. The first few points at the change of direction are skipped as they do not contain information about the sliding friction coefficient. This approach is tolerant to slight drift of the zero-point of the measurement system.
Preliminary tests showed that after reversing the direction of rotation, there is a short period needed for friction to stabilize. This period was longer for slow sliding speeds and shorter for fast rotation. In Table 3 we show the settings of the duration of unidirectional sliding, which were found to produce repeatable data under stable sliding conditions. The change of speed was performed automatically and the data acquired in a single run is shown in Fig. 2. 
Results
Friction test
The results for the friction coefficient obtained by sliding of balls made of various biomedical materials against the PVA hydrogel sample are summarized in Fig.  3 -5. Fig. 3 shows the friction coefficient of metal alloys, including shape memory alloys. The observed friction coefficient was quite low (µ < 0.08) in all cases. All of the alloy friction curves exhibit similar behavior in that friction is low at low speeds of 0.5-2.0 mm/s., then approximately doubled in the medium speed range ( 5-10 mm/s) and at speed of 50 mm/s reached a minimum before starting a slight increase again.
In the low speed range, (V < 10 mm/s) CoCr had the highest friction coefficient (µ ≈ 0.04~0.08), which was 30% higher than TiNi alloy friction coefficient -the lowest exhibited by alloy materials tested in this study. For metals and metal alloys the friction coefficient peak occurred at the speed V = 5-10 mm/s.
Zirconia and glass ( Fig. 4 ) produced similar shapes of the friction curves to the ones produced by the metal alloys, however the peak of the friction coefficient in the middle speed range (V = 2-30 mm/s) was about µ ≈ 0.05-0.06, which is notably lower than the results of alloys in Fig. 3 . The peak friction coefficient occurred at the speed V = 5 mm/s and for all materials in our study was lowest for zirconia (µ ≈ 0.048), slightly higher for glass (µ ≈ 0.054).
The friction curves with the polymer balls ( Fig. 5 ) showed a different character from the metal alloys, zirconia and glass. The friction coefficient was much higher, reaching values of µ > 1.1 and as high as 1.5 in the case of polyamide (Nylon). The velocity dependent peak of the friction curve was present, but it was much broader. In the speed range of the present study we were not able to observe the slight increase of the friction coefficient with the increase of the speed above some critical value as we did in the case of metal alloys, glass and ceramics. This does not mean that such behavior does not exist; simply, it could be further up the speed range, at values not covered by the present study. Friction coefficient peak occurred at different speeds for the different polymers: V = 2 mm/s for polyamide and PTFE and 10 mm/s for polyurethane. The peak friction coefficient observed in the speed range of the test is shown in Fig. 6 . The lowest value of peak friction was for zirconia and glass (µ ≈ 0.05), higher for metal alloys (µ ≈ 0.05-0.08) and highest for polymers (0.4 < µ < 1.1).
After the test with metal alloys, ceramics and glass, each done in a separate track, the surface of the PVA hydrogel looked the same as before the test. However, after tests with polymers there were noticeable tracks on the hydrogel surface. The track was most visible after test with polyamide ball (Fig. 7(a) ). The arrow in the close-up micrograph (Fig. 7(b) ) shows a wave-like pattern of cracks and shear on the surface. The "wave-fronts" run perpendicular to the direction of sliding.
Discussion
Applications
From the viewpoint of the two bio-medical applications, described in the introduction, PVA-hydrogels show promise as friction materials, but we would also like to highlight some issues. Concerning their potential for artificial cartilage applications we note that the friction coefficient in human synovial joints is given in the literature from µ ≈ 0.003 [18] to µ ≈ 0.005 [19] . In current medical practice SUS316L is often used in joint replacement. This study has found that the friction coefficient of PVA-hydrogel against SUS316L is in the range of µ ≈ 0.035-0.07. This, however, is an order of magnitude higher than the reported friction coefficients for biological synovial joints.
Values, which we observed are generally in agreement with Pan and Xiong [4] and Mamada [15, 16] . Pan and Xiong report friction coefficient between various PVA compositions and a stainless steel ball in the range of µ ≈ 0.045-0.055. They measured the coefficient for four different sliding speeds from 0.06 to 0.24 m/s and observed a decrease from about 0.045 to 0.035 in distilled water, but in this limited speed range they could not observe neither the initial increase of friction at low sliding speeds, nor the peak and consecutive drop of friction at the higher speeds.
It was already mentioned that metal-on-metal joints exhibit higher failure rates and the use of ceramic implants is rising. Ceramic materials in combination with PVA-hydrogel artificial cartilage, it is expected to achieve lower friction coefficients in the order of µ ≈ 0.02-0.05, which although lower than the coefficients obtained with bio-medical steels and CoCr alloys is nevertheless higher than the values of natural joints.
As evidenced by the past data, to mimic more closely the biological synovial joint, the friction of the artificial cartilage made of PVA hydrogel would need further reduction. Later we will discuss the friction mechanisms and how reduction of friction coefficient could be achieved.
Besides artificial cartilage, the other bio-engineering application of PVA-hydrogels, which we consider is for blood vessel bio-modelling for endovascular surgery training.
Both catheter materials of Table 1 , which we tested in this study, namely polyurethane and polyamide (Nylon) produced very high friction coefficients with peaks as high as µ ≈ 1 or higher. PTFE, which is often applied as a coating on steel guidewires had a peak friction coefficient of µ ≈ 0.4, which although much lower than the other two polymers is also expected to create a feeling of difficult insertion during endovascular practice with PVA-hydrogel models. Uncoated guidewires made of SUS316L would work better with PVA-hydrogel bio-models than the coated variety.
We wished to compare our data to data obtained in sliding between catheter materials and real blood vessels, but unfortunately it seems that published data is not readily available, with the exception of one study of sliding friction between steel ball and aorta from a pig [20] . In that study, the authors tested in vitro the friction coefficient at different angles between loading and sliding direction and determined an average value of µ ≈ 0.046, with values as high as 0.08 and as low as 0.01. Based on the similarity between the friction coefficient of steel ball and porcine aorta, and the coefficient between steel ball on PVA hydrogel, we may expect the guidewire insertion feeling would be similar and PVA-hydrogel biomodels would be useful for training. Although polymer catheter materials produced very high friction, stents made from TiNi and TiMoSn shape memory alloys would face little resistance when attached to the catheter and moved inside the PVA-hydrogel biomodel toward the simulated vascular pathology.
Considering of the mechanisms of friction and wear may give clues to the reduction of friction of the polymers sliding against hydrogel.
Wear
The "wave-like" patterns observed on the surface of the hydrogel resemble the patterns which can be observed on elastomers, such as rubber, under high friction [21] . Under such high tangential stress situations, the elastomer adheres strongly to the counter surface, and imposed sliding causes the formation of tongues. In some cases, further sliding makes the tongues roll as shown in Fig. 8 [22] . But with the PVA hydrogel the high interfacial stress produced cracks on the surface in the wake of the sliding ball, which explains their perpendicular direction to the direction of sliding. Another factor, which contributes to the lack of rolls on the surface is the reversible sliding nature of the experiment. Nonetheless, some degree of smearing on the top layer of the surface is clearly visible.
Mechanisms
The dependence of friction coefficient on sliding speed in Figs. 4-6 resembles partial or full S-shaped curve. Similar S-shaped curves, have been observed against flat smooth glass by Gong et al [23] , and against metallic balls by Mamada et al, [15] . Based on their friction experiments with double-network hydrogels Gong proposes two models: of "adhesive gel" on smooth glass and of "non-adhesive gel" on smooth glass. The curves obtained in this study with various counter-materials resemble the curves of "adhesive gel" sliding on smooth glass shown by Gong.
Both Gong and Mamada consider the curve as a result of two mechanisms: elastic friction at lower speeds and hydrodynamic lubrication at higher speeds. This consideration puts the discussion in the framework of the Stribeck curve and then the "elastic" region (a Fig. 8 Mechanism of roll formation in elastomer friction more descriptive term would perhaps be "elastomer friction region") has the same meaning as the mixed lubrication regime of elastomers.
One of the first and most systematic studies of elastomer friction to date was Grosch [24] , who observed two peaks of friction in relation to sliding speed. The lower velocity peak was attributed to molecular adhesion. The higher velocity peak was attributed to the deformation losses produced by the passage of asperities of the elastomer surface. More recently, Persson [25] modeled rubber friction as a dissipation process driven by the periodic micro-deformations due to roughness at different wavelengths, but excluding adhesion. Both of these studies obtained (experimentally and theoretically) bell-shaped curves similar to the ones observed in our PVA-hydrogel sliding experiments.
Transition to EHL
First we consider the right side of the curve, where it is claimed [23] that with the increase of the sliding speed hydrodynamic lubricating film is formed and it contributes to the low friction.
An interesting point to consider is the competition between surface roughness and film thickness on the transition to hydrodynamic lubrication. What should be noted is that because of the softness of the hydrogel, pure hydrodynamic lubrication is unlikely. Elastic deformation of the hydrogel is easily observed under the loads used in the experiment. So one could use the EHL theory to estimate film thickness under elastic deformation and compare it with the surface roughness. Two particular limitations of this approach should be noted from the beginning. First, under the loads in our experiment the Hertzian contact assumptions of small deformations are possibly violated, because penetration (approach of distant points) is not small compared to the diameter of the ball. Second, surface roughness of the hydrogel is not easy to measure and is not measured in this paper.
Despite these limitations, we will try to use the existing theory to throw some light onto the transition to the elastohydro-dynamic lubrication region.
One of the most often used parameters, which was found to correlate with the limits of EHL, when the film is likely to break at the tops of the heighest asperities, is the parameter proposed by Tallian [22, 26] :
where: h min -Min. oil film thickness σ A , σ B -the RMS roughness (Rq parameter) of the contacting surfaces When λ > 1, the contact is operating at EHL or HDL, when λ < 1 the lubrication regime is partial or mixed lubrication. At values λ = 1 correspond to transition from mixed or partial lubrication (and possibly micro-EHL at the asperities) to full elasto-hydrodynamic lubrication.
The minimum film thickness is calculated with the simplified formulae in Table 4 for the isoviscous-elastic (soft EHL) regime given by [27] , which is appropriate for lubricants such as water, whose viscosity is insensitive to increase in pressure.
The nomenclature for the formulae in Table 4 is as follows:
h is the film thickness, m; η 0 is the absolute viscosity at p = 0 and constant temperature, Pa·s k -the ellipticity parameter and for circular contacts k = 1.
W -is the applied load, N; V -sliding speed, m/s;
is the reduced radius of curvature for Hertzian circular contact between two bodies with curvature R A and R B , m. 
To estimate the value of λ from Eq. (1) it is essential to know the RMS roughness of both surfaces. We have measured the RMS roughness of the balls, but measurement of the roughness of hydrogel surface proved very challenging. For this reason λ and composite roughness are computed with two different assumed values for hydrogel surface roughness: 1) assuming ideally flat surface of the hydrogel, Rq = 0 µm; 2) hydrogel roughness similar to the roughness of the polyamide ball Rq = 0.29 µm, which seems reasonable. We then observe the effect and discuss the differences.
We compare the effect that hydrogel roughness has on the λ parameter in each experiment (Fig. 9) . The strong effect of hydrogel roughness is most obvious in the case of metal balls (Fig. 9(a, b) ): when hydrogel was assumed ideally flat we had four distinct lines crossing the λ = 1 level at different sliding speeds, but with hydrogel having Rq = 0.29 µm (same as polyamide ball) the three of the lines collapse into a single line with λ = 1 crossing at about 50 mm/s and only SUS316L crosses the level at about 80 m/s. Similar effect is observed for the lines of glass and zirconia (Fig. 9(c, d) ), which were widely separated with ideally flat hydrogel and much closer with the rough hydrogel surface. The effect of hydrogel roughness is less noticeable in the case of polymer balls (Fig. 9(e, f) ), because initially their surface roughness was higher, so the composite roughness is less sensitive to changes of the roughness of the counter-surface.
In both cases of smooth and rough hydrogel, we observe that the λ = 1 crossing occurs for polymers at higher sliding speeds than in the case of metals. Considering the fact that materials with lower elastic modulus tend to produce film with larger thickness it is a bit surprising. However careful comparison of the equivalent elastic modulus shows difference only after the fifth significant digit, which is mainly due to the hydrogel having modulus orders of magnitude lower than either polymers, metals or glass and ceramics. The elastic properties of the contact are largely determined by the hydrogel. It must be then attributed to the generally larger roughness of the polymer balls that λ = 1 crossing occurs at higher speeds.
Comparison with the experimental data shows that our guess of the surface roughness of the hydrogel is approximately close. To start with, the metals cross λ = 1 level between 50 and 100 mm/s (Fig. 9(b) ), which is exactly where we observe the minimum friction coefficient in the experiment. Then glass has lowest friction around 100 mm/s in the experiment, which is the closest data point to the predicted transition to full EHL at around 80 m/s (Fig. 9(d) ). Zirconia minimum friction coefficient is at 20 mm/s (Fig. 4) , which is the closest experimental point to the predicted value of around 30 mm/s.
With polymers, the transition to full EHL is expected to occur in the range 50 mm/s ~ 300 m/s (Fig. 9(e, f) ), which is the upper limit in our experimental investigation. The upper limit of this range is expected for the transition of polyurethane and it is confirmed in the experiment by the curve (Fig. 5) . PTFE is supposed to transition at about 100 mm/s while in the experiment lowest friction is observed at 200 mm/s. The largest seeming discrepancy is for polyamide, which similarly to PTFE gives lowest friction at 200 mm/s, while predicted to transition at about 50 mm/s. This seeming discrepancy of the polymer transition to full lubrication can be easily explained by the roughening of the hydrogel surface, which happened due to larger friction at lower speeds and is clearly observed in the photograph Fig. 7 .
With the critical role of hydrogel and ball roughness in transition to EHL clarified, we shift our attention to the part of the S-curve at lower speeds before EHL transition.
Then the interesting question is why the friction in the partial lubrication regime was highest for the polymers and what are the variables, which affect it?
Mixed lubrication regime -adhesion effect
It is likely that under low sliding speeds, when λ < 1, direct contact between asperities occurs and adhesion between them contributes to increase of friction. Therefore we estimated the adhesion between the ball and the hydrogel sample.
The contact radius by the JKR theory for contact of elastic bodies with adhesion is given by [28] :
where a is the contact radius. F adh -is the adhesion pull-off force when the applied load is 0. R * -reduced radius of curvature as defined in Eq.
(2), E ** -reduced modulus of elasticity is defined as half of the value in Eq. (3). γ -measure of the surface energy.
First we measured the contact radius of the ball under increasing load 0-1.5 N, then we fitted the JKR contact model to the measured data.
Measurement of the contact radius is done on a microscope. Because the hydrogel is transparent and is placed in a transparent Petri dish, the contact area between ball and gel can be easily observed through the bottom of the Petri dish, when it is turned around and loaded from below. The graph (Fig. 10) shows the increase of the contact radius with the increasing contact load. The contact radius at 0 N is not 0, which is evidence of adhesion, but at the same time this is the noisiest part of the data, because of the small forces involved.
In the JKR theory estimate, we need Young modulus E and Poisson ratio. Using Hertzian theory as a first approximation, we compute the values of E and Poison ratio for our hydrogel.
From the contact radius data of SUS316L steel ball Fig. 10 Measured contact radius for the various balls and the hydrogel on PVA hydrogel under the load of F n = 0.52N, we estimate the Young's modulus E = 0.0789 MPa and Poisson ratio ν = 0.5. The value of E is slightly larger than the value given by Mamada (E = 0.05 MPa ) [16] . We plug-in the estimated value of the PVA Young modulus for the JKR contact models and estimate the adhesion force F adh by minimizing the sum of squares of the relative error of the contact radius.
By fitting the JKR model to the overall data, more stable estimate became possible and it is shown in Fig.  11 . The figure is plotted in log scale because it covers several order of magnitude of the adhesion force estimate: from less than 0.1 mN for PTFE to about 4 mN for polyamide. With the exception of PTFE polymers exhibit larger adhesion.
From our estimates of the adhesion force, F adh based on the experimental measurement of contact radius under various loads, we observe that highest adhesion is for polyamide and polyurethane, both materials, which exhibit the highest friction. On the other hand, materials for which we estimated low adhesion, such as metals, glass and ceramics had low friction in the sliding tests. It is not surprising that PTFE, a material with well known low-adhesion properties, had the lowest estimated Fadh in our experiment. What is surprising is the fact, that it did not correspond to equally low friction coefficient. On the other hand, TiNi, which had, nearly the same F adh as polyurethane, had in fact 1/10 of its friction coefficient. The material with lowest peak friction coefficient, Zirconia, was actually among the inorganic matererils with larger adhesion.
As estimated by the JKR models on measured data, adhesion alone fails to fully explain the large variation in friction between the materials. Adhesion, however, is not the only plausible mechanism of energy loss, when the asperities are not fully separated by liquid. As we mentioned before, in addition to adhesion at the surface, losses in internal damping under repeated loading have also been considered a plausible mechanisms for the origin of friction of elastomers [24, 25, 29] .
Mixed lubrication regime -roughness and internal
damping effect When one considers the roughness excited internal damping of elastomers, roughness amplitude corresponds to the magnitude of excitation. In Fig. 12 we plotted the peak friction coefficient for each material and the surface roughness of the different balls as measured by interferometer (Table 2 ). Zirconia ball is smoothest and gives the lowest friction coefficient, the polymer balls are roughest and give highest friction coefficients, but the in case of glass ball the roughness is similar to the roughness of the polymers and nevertheless the friction coefficient is comparable to that of zirconia and metals. PTFE ball roughness is larger than polyurethane or polyamide, but friction is lower. This means that roughness on its own cannot explain the large variation of the friction coefficient observed against different materials.
To build a full picture, we should consider not only roughness or only adhesion, but also the hysteretic losses which occur in the material by internal damping. Loss coefficients depend strongly on temperature and excitation frequency, but for the different groups of materials that we are investigating, the difference is several orders of magnitude from Table 2 .
It can be seen that the loss coefficient is lowest for glass and zirconia and largest for polymers including PTFE. This can explain the large friction coefficient despite its low adhesion. On the other hand, the high adhesion of TiNi against hydogel is compensated by the low loss coefficient and the result is low friction. In the same way, the large roughness of the glass ball may cause larger excitation, but the very low internal friction losses of glass, contributes to keeping the friction coefficient very low.
A further proof of the importance of the bulk properties of the ball is the result of friction Fig. 12 Ball surface roughness and peak friction coefficient Fig. 11 Estimated adhesion and peak friction coefficient measurement with hydogel and gold-plated polyamide ball. We modified the polymer-to-polymer contact by gold-plating the polyamide ball in a sputtering apparatus for 2 min. The process is often used to create a conductive overcoat on top of a non-conductive surface prior to SEM observation and is not a substitute for a dense and thick coating layer. We observed reduction of friction peak from µ ≈ 1.1 to about µ ≈ 1.0, which is still an order of magnitude larger that the friction coefficient of metal alloys (Fig. 13) . The contribution of the bulk material properties of the hydrogel has also been confirmed in a study [30] , in which the thickness of the hydrogel was changed and therefore the amount of deformation and total capacity for internal damping.
As we determined that adhesion, roughness and damping all had some influence on the maximum friction coefficient, in the elastic friction region, we attempt to combine them in a simple mathematical expression. The concept behind it, is that adhesion force in normal direction, which we earlier estimated by the JKR model fitting, creates resistance to shear, R adh , which must be overcome in sliding. Once in sliding, the surface asperities repeatedly deform the material and generate elastic waves, which are damped by internal damping. The resistance to sliding or energy loss is proportional to both the amount of excitation and the amount of damping, so we have the hysteretic energy loss term: 
The model fit to the experimental data is shown in Fig. 14 . The loss coefficients plugged in this equation and shown in the beginning in Table 2 are not measured values, but just the orders of magnitude of the loss coefficients, from [17] , which itself is a compilation of data from different data sources under different conditions. Despite this crudeness of the loss coefficients, the tendency of the data is captured well.
Notes on the excitation
The adhesion contribution in Eq. (9) can be considered as the static component of resistance to sliding, while the hysteretic (or damping) contribution is due to a dynamic process. What commonly is not realized, is that not only roughness can provide excitation. Excitation can also be provided by a fluctuating adhesion force. This can happen when junctions are formed and sheared between the surfaces and is described in a previous paper [31] on the mechanism of adhesion excited micro-vibrations. While the energy loss mechanism is essentially the same, the input to the system is imposed displacement in the case of roughness excitation and imposed force, in the case of adhesion excitation. On the other hand, while the possibility to excite the system by fluctuations in adhesion exists, at this time we do not have sufficient data to estimate its contributions to the average friction force.
In a recent review of the subject of elastomer friction, Sills et al. [29] claim that with his study, Grosch initiated a debate that continues today: whether the origin of elastomeric friction lies in interfacial adhesion or viscous relaxation of the bulk elastomer. In their concluding remarks Sills et al. note: "Various studies have highlighted the importance of both [interfacial adhesion and internal friction ] processes; however, a unified picture that accurately accounts for both has yet to evolve. While most studies have focused on one or the other aspect, it is unlikely that the two processes are mutually independent. A more realistic picture considers the competition between the two."
Our simple model built on the experimental and literature data with the three parameters of adhesion, roughness and damping is an attempt to account for both adhesive and hysteretic friction. In its current form it does not take into account neither the possibility of adhesion exited micro-vibrations or elastic waves, nor the presence or absence of water, which must be an important factor for the friction of hydrogels. These are research problems, which would be interesting to study in the future.
Conclusions
The present study investigated the friction of polyvinyl alcohol (PVA) hydrogel against nine different metallic and non-metallic bio-compatible engineering materials likely to occur as countermaterials in artificial cartilage or endovascular bio-model applications. We found that: 1) Materials which exhibit low friction against PVA hydrogels were ceramics (µ < 0.05), glass (µ < 0.05), and metal alloys (µ < 0.05-0.08). Polymers, including low friction polymer such as PTFE, generally exhibit very large peak friction coefficients (0.4 < µ < 1.1) and should be avoided if low friction is desired. 2) Practical implications of the above finding for the two biomedical applications which motivate this research are as follows: 2.1) The low friction coefficient of less than 0.05
between PVA hydrogel and zirconia shows the potential of this material combination for future joint replacement implants with artificial cartilage made of PVA hydrogel. Although untested in the present study, the high friction results for other tested polymers suggest that UHMWPE, a popular material for artificial joints, would not work well with PVA hydrogel artificial cartilage. Bringing the friction coefficient down to values of about µ ≈ 0.005 as observed in nature is still a challenge. 2.2) Biomodels made of PVA hydrogel would be useful in endovascular surgery training, because hydrogel friction against guidewires and stents made of metals and metal alloys is similar (µ ≈ 0.05) to the friction of biological vessel against the same materials. However, with polymer catheters and polymer-coated guidewires there might be an unnatural feeling during the insertion in the biomodel due to the high friction of these material combinations (µ > 1). We also found that:
3) Low surface roughness of the hydrogel is critical for achieving early transition to elasto-hydrodynamic lubrication and low friction, as shown in our comparative calculations with two different values of surface roughness of the gel. Manufacturing of hydrogel with well controlled surface, and especially maintaining it during sliding may prove to be technically challenging, as evidenced by observed wear on the surface. 4) In the mixed lubrication region, the general trend is for friction to increase with roughness of the counterbody, but internal damping properties and adhesion also play a role, as shown by a simple linear model fit. Low friction of hydrogel is observed even with rough counterbodies if the bulk material has low loss coefficient, as evident from results shown for glass.
